INTRODUCTION
The emerging paradigm of digital health will require minimally invasive techniques for continuous sensing of biomarkers in internal bodily fluids such as interstitial fluid and blood. A commonly used technology is continuous glucose monitors (CGMs), which monitor glucose levels in the interstitial fluid with high accuracy (Slattery and Choudhary, 2017; Forlenza et al., 2017; Welsh et al., 2019a Welsh et al., , 2019b . However, insertion is painful and the device can cause discomfort during use (Slattery and Choudhary, 2017; Forlenza et al., 2017; Ramchandani et al., 2011) , such that up to 41% of diabetic patients have discontinued the use of CGMs (Slattery and Choudhary, 2017) . In alternative approaches, noninvasive monitoring of analytes in extracorporeal fluids such as sweat (Alizadeh et al., 2018; Currano et al., 2018; Nyein et al., 2018; Parlak et al., 2018) must account for physiological variables such as differing sweat secretion rates and compositions among individuals and daily conditions (Nyein et al., 2018; Alizadeh et al., 2018) .
This tradeoff in comfort against accuracy has motivated the development of microneedles that can painlessly interface with the interstitial fluid to facilitate accurate and continuous monitoring. Although most applications of microneedles have focused on delivery of drugs or vaccines (Yan et al., 2010; Chen et al., 2009; Sullivan et al., 2010; Yu et al., 2015; Ito et al., 2012 , Mcvey et al., 2014 , other works have focused on sampling of blood (Li et al., 2009 (Li et al., , 2013 Tsuchiya et al., 2007) and interstitial fluid (Mukerjee et al., 2004; Yang et al., 2013; Caffarel-Salvador et al., 2015) for analyte sensing. Such approaches include hollow microneedle arrays for fluid collection with off-site analysis (Blicharz et al., 2018; Li et al., 2013) , solid arrays for skin pre-treatment before fluid collection (Wang et al., 2005) , and integrated sampling and sensing approaches (Windmiller et al., 2011; Zahn et al., 2005; Invernale et al., 2014; Jina et al., 2014) . Although the fluid extraction process in traditional microneedles is minimally invasive, current challenges include reliability, contamination, and variable yield (often less than 10 mL for interstitial fluid) (Kiang et al., 2017; Lei and Prow, 2019) . Further, integrated sampling and sensing approaches are susceptible to delayed sensing as the fluid is transported to an external electrochemical sensor. Thus, an in situ approach-where the sensing takes place within the interstitial fluid, without the need to transport the fluid elsewhere-could be more suitable for continuous sensing.
Hydrogels have great potential for in situ biosensing because of their biocompatibility, hydrophilicity, and tunable structure (Le Goff et al., 2015) . Moreover, fluorescent nanoparticles or sensors can be incorporated into the hydrogel matrix to enable in situ sensing of multiple analytes (Park and Park, 2018; Tan et al., 2016) . To date, many applications of hydrogels require injection (Kanick et al., 2019; Chien et al., 2017) , which is invasive and makes the hydrogel difficult to remove. In addition, fluorescent sensors can diffuse out of the hydrogel, resulting in a loss of signal and limiting the operation lifetime (Li et al., 2019) . Here, we describe a strategy for fabricating hydrogel structures toward in situ sensing in the body without invasive injection or removal of the hydrogel. The proposed structures are sufficiently stiff and sharp to penetrate the skin to directly access interstitial fluid and can be covalently conjugated to fluorescent sensors for sustained sensing.
RESULTS AND DISCUSSION

Design and Fabrication of Array of Stiff and Sharp Hydrogel Microfilaments
Our design consists of an array of hydrogel ''microfilaments'' that are chemically tethered to fluorescent sensors, which rapidly respond to analyte levels. In contrast to traditional hollow silicon-based microneedles, the hydrogel microfilaments are non-hollow and porous. Whereas silicon-based microneedles require a complex scheme for fabrication and extraction of fluid for sensing, the non-hollow structure of the microfilaments allows for easy fabrication (via molding, for example) and the porosity ensures that analytes can diffuse into the filaments and interact with conjugated sensor molecules. Further, the microfilaments are designed to be mechanically stiff in the dehydrated state and soft in the hydrated state (i.e. upon contact with internal bodily fluids). We chose polyacrylamide as the hydrogel material, as acrylamide-based copolymers are biocompatible and used in Food and Drug Administration (FDA)-approved medical devices for prolonged wear (such as soft contact lenses (Nicolson and Vogt, 2001) and urinary incontinence treatment devices (Toozs-Hobson et al., 2012) ). However, the hydrogel, which is soft in the hydrated state, must overcome the skin's compliant surface before penetrating the stratum corneum (Park and Prausnitz, 2010) and contacting dermal interstitial fluid.
As such, we fabricated stiff and sharp hydrogel structures by using desiccated high-percentage polyacrylamide, which provides high mechanical strength and stiffness, and fashioning beveled tips in order to minimize the insertion force. Geometrically, the hydrated microfilaments are 1,500 mm tall and 300 mm in diameter (i.e. exhibiting an aspect ratio of 5) and have a 74 diamond-shaped bevel. (The dimensions of the desiccated, de-swelled microfilaments were approximately 1,100 mm in height and 200 mm in diameter.) The designed depth ensured contact with dermal interstitial fluid, the total volume ensured a sufficiently large fluorescence signal from the conjugated fluorescent sensor, and the bevel ensured piercing of the stratum corneum. We placed the polyacrylamide microfilaments into an array with a diameter of 7 mm, containing 9 microfilaments that are spaced 1,500 mm apart tip-to-tip and placed in a 3 3 3 configuration. The hydrogel microfilament array was fabricated via molding ( Figure 1A ). Positive microfilament array molds were designed using SolidWorks CAD software ( Figure 1B ) and produced by CNC milling of machinable acrylic plastic ( Figure 1C ). Compared with fabrication techniques used to fabricate silicon-based microneedles (Barrett et al., 2015) , CNC milling of acrylic molds (Guckenberger et al., 2015) is simple to perform, cost-effective, and allows for high-aspect geometry. Acrylic plastic was chosen as the mold due to its ease of machinability for fine features, particularly a diamond-shaped bevel at the end of the hydrogel microfilament for ease of insertion into the skin. We chose a 5-bevel design, as they have been shown to be less painful when compared with traditional 3-bevel designs (Hirsch et al., 2012) . A silicone negative mold ( Figure 1D ) is then replicated from the positive mold.
The sensor-laden polyacrylamide microfilament array was formed by casting a mixture of methacryl-functionalized fluorescent sensor and polyacrylamide precursor solution in the negative silicone mold followed by exposure to collimated ultraviolet (UV) light. The polyacrylamide precursor solution was composed of 30% w/v acrylamide, 2% w/v cross-linking agent (N,N'-methylenebisacrylamide), 0.5% v/v photoinitiator (2-hydroxy-2-methylpropiophenone, or Darocur 1173), and 100 nM fluorescent sensor. The microfilament array was extracted immediately after photopolymerization and subsequently rinsed under vacuum in two fresh baths of phosphate-buffered saline (PBS) to remove unpolymerized polyacrylamide precursor residues. The hydrogel was then desiccated to dry and harden the microfilaments, yielding the final sensor-conjugated microfilament array ( Figure 1E ).
Optimization of Polymer Formulation for Optical, Swelling, and Mechanical Properties
In addition to biocompatibility (Hadjesfandiari and Parambath, 2018) and mechanical strength, polyacrylamide, as used in the microfilaments, offers favorable diffusive and optical properties for real-time sensing in situ. It has high porosity (Holmes and Stellwagen, 1991) to enable diffusion of analytes from the dermal interstitial fluid to the aptamer sensor and is optically transparent to enable transmission of light. The optical and mechanical properties can be easily tuned by controlling the monomer formulation, specifically the acrylamide percentage (%AAm) as well as the ratio of acrylamide to N,N'-methylenebisacrylamide cross-linker (AAm/MBAm) (Bansil and Gupta, 1980) . Figure 2A summarizes the optical and mechanical properties that were considered for optimization of the polymer formulation. To determine the hydrogel composition that would yield desirable optical properties, the absorbance of different hydrogel compositions was measured using the microplate reader. Measurement of absorbance at the peak excitation and emission wavelengths for 6-carboxyfluorescein (FAM) and 6-carboxytetramethylrhodamine (TAMRA) fluorophores was performed on a range of polyacrylamide compositions that polymerize without leaving opaque residue ( Figure 2B ). Excessively high acrylamide concentration or insufficient cross-linker leaves acrylamide unpolymerized, leading to opaque and brittle hydrogel; the limit was found to be around 32% w/v acrylamide. These absorbance measurements were then used to calculate the percent transmittance at the specified wavelengths ( Figure S1 ). Both %AAm and AAm/MBAm significantly affected absorbance (p < 0.0001). For a set %AAm, absorbance decreased with increasing AAm/MBAm values; for example, absorbance decreased (p < 0.05) for all wavelengths assessed when AAm/MBAm values increased from 10 to 20 (at a fixed %AAm). To simplify measurements of the other parameters in the subsequent experiments, only formulations with AAm/MBAm ratios of 15, 17.5, and 20 and %AAm of 20, 25, and 30 were selected. The absorbance values at 470 nm, 520 nm, 550 nm, and 580 nm for these polyacrylamide compositions are summarized in Table S1 .
Microfilament integrity during insertion is facilitated by having sharp tips to minimize the insertion force and overcome the skin's compliant surface (Park and Prausnitz, 2010) . Hydrogels typically have high water content. As such, when left to desiccate, significant deformation in shape of the hydrogels is observed. Since morphology retention is necessary to preserve the beveled tip for easy insertion, it is important to understand the extent of shrinking and the effect on microfilament morphology following desiccation. Figure 2C shows the shrinkage percentage of different polyacrylamide compositions, as determined by the change in radius before and after hydrogel desiccation. Polyacrylamide formed from precursor solutions containing higher %AAm exhibit significantly (p < 0.0001) decreased shrinkage percentage for all AAm/ MBAm ratios tested, likely due to an increase in dry weight that inhibits collapse of the matrix upon dehydration. A scanning electron microscopic (SEM) image of a polyacrylamide microfilament array taken two days after fabrication ( Figure S2 ) demonstrated that challenging features for microfabrication-such as high aspect ratio, diamond-shaped bevels, and sharp tips-are preserved after shrinkage as brought on by desiccation.
In addition to having a sharp, beveled tip, the microfilaments must have high mechanical strength to penetrate the skin and access dermal interstitial fluid. In its hydrated state, polyacrylamide is soft and unable to pierce the skin. Although there has been recent effort to develop hydrated hydrogels with good mechanical properties, such as high compressive strength or Young's modulus, by modifying polymer formulation or polymerization method (Zhao, 2017) , we optimized the polyacrylamide formulation to yield desired mechanical properties in the dehydrated state. Because the material hardens when low in water content, Top left: l = 470 nm, the excitation wavelength for FAM (n = 4). Top right: l = 520 nm, the emission wavelength for FAM (n = 4). Bottom left: l = 550 nm, the excitation wavelength for TAMRA (n = 4). Bottom right: l = 580 nm, the emission wavelength for TAMRA (n = 4). See also Figure S1 and Table S1 . (C) The shrinkage percentage of polyacrylamide hydrogel for different polymer formulations (n = 6). See also Figure S2 (D) The Young's modulus of dehydrated polyacrylamide hydrogel for different polymer formulations (n = 4). Data analyzed using a two-way ANOVA with Tukey post-hoc test. ''ns'' indicates not significant, ''*'' indicates significant at p < 0.05, ''**'' indicates significant at p < 0.01, and ''****'' indicates significant at p < 0.0001. Line indicates comparison between groups. Data are represented as mean G standard deviation. desiccated polyacrylamide microfilaments are able to penetrate the stratum corneum. To quantify the strength of the desiccated microfilaments, the Young's modulus was determined experimentally at different polyacrylamide compositions. Figure 2D shows that all the compositions selected based on highest optical transmission exhibit comparable and extremely high Young's modulus of approximately 1 GPa. These values are approximately one order of magnitude less than hard plastic (Crompton, 2012) and indicate that desiccated polyacrylamide is much stiffer than PDMS (Johnston et al., 2014) . Conversely, in the hydrated state, the hydrogel has a Young's modulus of 461 G 76 KPa, matching more closely that of surrounding skin (100 kPa (Liang and Boppart, 2010) ) and hence reducing the risk of immune response due to mechanical mismatch (Stieglitz and Schuettler, 2013) . At fixed %AAm, Young's modulus increased with AAm/MBAm ratio, presumably due to decrease in cross-linked clusters that introduce heterogeneity and soften the matrix (Denisin and Pruitt, 2016) . Overall, any of the tested formulations may be used to fabricate the microfilament sensing platform with sufficiently high mechanical strength to penetrate the stratum corneum of the human skin.
Ultimately, the choice of polymer composition for microfilament fabrication is a balance of the different properties assessed. Absorbance measurements at the peak excitation and emission wavelengths for the reporter fluorophores indicate that formulations with AAm/MBAm ratios of 15, 17.5, or 20 had the highest transmittance. Assessments of mechanical properties demonstrate that all polyacrylamide compositions tested yielded sufficient strength to penetrate the stratum corneum, whereas formulations with higher %AAm showed reduced shrinkage. Thus, a polyacrylamide composition of 30% AAm and AAm/ MBAm ratio of 15 was selected due to the high optical transmission at the desired wavelengths, good mechanical strength, and minimal shrinkage percentage. Finally, we demonstrated porosity of this polymer composition, using fluorescence recovery after photo bleaching, to 2-NBDG, a commercially available fluorescent analog of glucose (which is a small molecule as phenylalanine, our test analyte). The diffusivity was measured as 5.7 G 1.9 mm 2 /s. Table 1 summarizes the properties of this polyacrylamide composition.
Assessment of Sensor Functionality in Hydrated Hydrogel
In our platform, the aptamer sensing moiety can be conjugated to microfilaments to enable passive in situ sensing, thereby bypassing delayed, complex, and potentially error-prone procedures that extract the interstitial fluid out of a microneedle onto an external electrochemical sensor. Here, we assessed whether a fluorescent aptamer sensor selected against phenylalanine can be covalently conjugated to the polyacrylamide matrix via co-polymerization and that the functionality is retained. The aptamer sensor ( Figure 3A , inset) is composed of phenylalanine binding site, FAM and TAMRA fluorophore reporting unit, and an Acrydite handle to enable immobilization to the polyacrylamide matrix. As a future application, monitoring of phenylalanine is critical for patients with phenylketonuria, a genetic disease that leads to elevated phenylalanine levels, growth failure, and mental health disorders (Brumm et al., 2010; Williams et al., 2008) . This sensor was selected as a model moiety, as aptamers are a flexible class of sensor that can be selected for a wide variety of target analytes (Ilgu and Nilsen-Hamilton, 2016) and easily functionalized to enable attachment. To demonstrate that the sensor functionality is maintained following conjugation to the hydrogel, hydrated hydrogel disks were exposed to solutions with different concentrations of phenylalanine. Figure 3A shows the fluorescence emission spectra of the hydrogel following excitation at 470 nm. The fluorescence peak intensity at 520 nm increased as the phenylalanine concentration increased from 0.0 to 500 mM ( Figure 3B ). Comparison to the emission spectra ( Figure S3A ) and fluorescence intensity at 520 nm ( Figure S3B ) for the aqueous sensor shows that the phenylalanine concentration dependence is maintained following chemical tethering to the polyacrylamide matrix. Disks were used instead of the microfilaments because the geometry was less fragile and could withstand the multiple read and wash cycles without breaking.
Real-time in situ sensing requires the sensor to quickly respond to the changing environment. The response time for the aqueous sensor is less than 20 s ( Figure S4 ), indicating rapid response to changes in phenylalanine concentration. The response time for the hydrogel-conjugated sensor is approximately 8 min for a disk approximately 6.4 mm in diameter and 1 mm in height ( Figure 3C ). As the dimensions for the microfilaments are up to an order of magnitude smaller than the disk, facilitating more rapid diffusion of the analyte through the hydrogel, we expect the response time for the microfilament array to be less than 8 min. Extended sensing requires that the aptamer be covalently attached to the polyacrylamide matrix such that the sensor does not diffuse out of the microfilaments, resulting in an erroneous decrease in fluorescence signal. To demonstrate this chemical tethering, sensor-laden polyacrylamide disks were fabricated, and the fluorescence intensity at 520 nm was tracked over 5 days where the disks were soaked in clean PBS buffer with the buffer replaced daily ( Figure 3D ). For hydrogel disks fabricated using aptamer without a 5 0 -acrydite modification, the fluorescence intensity decreased significantly within a day (p < 0.01) after soaking in buffer, likely due to diffusion of unconjugated sensor out of the gel. After this initial drop, the fluorescence intensity remains relatively constant and is greater than that for disks made without aptamer, indicating that some sensor may be physically encapsulated by the hydrogel matrix. For disks made with the 5 0 -acrydite modification, the fluorescence intensity remains relatively stable for the entire measurement period, indicative of successful tethering to the hydrogel.
Additionally, in situ sensing requires the sensor be reversible. To demonstrate reversible sensing, hydrogel disks were exposed to phenylalanine solutions with both increasing and decreasing concentration and the fluorescence intensity at 520 nm was recorded ( Figure 3E ). These data show that the phenylalanine aptamer sensor demonstrates reversible sensing, as an increase in phenylalanine concentration results in an increase in fluorescence intensity, whereas a decrease in concentration results in a subsequent decrease in intensity. The hysteresis loop for this reversible sensing ( Figure 3F ) shows that the sensor has minimal hysteresis. However, the aptamer sensor is susceptible to photobleaching ( Figure S5 ), which may limit the duration of in situ sensing for a single microfilament array. (In the future, it may be possible to normalize for the effects of photobleaching, or monitor at 520 and 580 nm for ratiometric sensing, which is less sensitive to effects of photobleaching.)
Exploration of Design of Microfilament Array for Low Human Pain
Toward the goal of eliciting minimal pain on the user, we note that previous studies that studied microneedles and human pain sensation (Gill et al., 2008; Haq et al., 2009; Park et al., 2007) have demonstrated the predominant factors to be length of needle, and secondarily, number of needles, diameter, and sharpness. As such, previous studies (Gill et al., 2008; Haq et al., 2009 ) have investigated different geometric design parameters of the microneedle array (number of microneedles in array and needle height and diameter) on human pain assessments, but typically each parameter was investigated independently of the others, with compound effects unexplored. Here, we performed a human pain assessment using microneedles fabricated from polyether ether ketone (PEEK), which is FDA approved for experiments on human subjects and can be easily steam sterilized. (We measured the Young's modulus of PEEK to be 4.3 G 0.2 GPa, within an order of magnitude, but even higher, of that of the dehydrated hydrogel; both the PEEK microneedles and hydrogel microfilaments are sufficiently stiff to avoid bending-induced fracture (Zahn et al., 2000) .) We machined PEEK microneedles to identify geometric parameters that elicited low human pain and subsequently fabricated dehydrated polyacrylamide microfilaments with matching length, number of filaments in array, diameter, and bevel.
First, we recruited human subjects to assess pain levels induced by insertion of microneedles compared with pressing the hook surface of a hook-and-loop fastener (Velcro) against the skin. The raw visual analog scale (VAS) pain scores (Hawker et al., 2011) (Figure 4A , top left) and those normalized to a 26-guage hypodermic needle ( Figure S6A ) from 15 human subjects showed that the sensation experienced by the insertion of a 3 3 3 PEEK microneedle array with needles of 200 mm diameter and 1,400 mm height induced slightly more pain compared with a press of the Velcro patch against the skin but is still significantly less painful (p < 0.0001) compared with a standard 26-gauge hypodermic needle. (Qualitative feedback from human subjects also indicated there was minimal discomfort after insertion of device.)
We tested insertion of arrays with 1, 4, or 9 microneedles arranged in a 1 3 1, 2 3 2, or 3 3 3 grid, respectively, keeping constant the diameter (200 mm), height (1400 mm), and bevel (74 ). Raw (Figure 4A , top right) and normalized ( Figure S6B ) VAS pain scores indicated that the number of microneedles in an array did not significantly affect pain. Thus, we selected an array with 9 gel microfilaments in order to maximize the fluorescent signal. We also tested insertion of 3 3 3 arrays with needles of 200 mm diameter, while varying the height from 500 to 1,400 mm. The raw ( Figure 4A , bottom left) and normalized ( Figure S6C ) VAS pain scores showed that, for the heights probed, microneedle height did not appreciably affect insertion pain, with no significant difference between 800 mm and 1,100 mm. Thus, to both maximize the fluorescent signal and minimize insertion pain, the design with a microfilament height of 1,100 mm was selected. Finally, insertion of 3 3 3 arrays with needle height of 1,100 mm and diameters ranging from 100 to 200 mm (Figures 4A, bottom right, S6D) showed an increase in the median pain score with increasing diameter, but the differences were not significant (as further confirmed by qualitative feedback from human subjects). Overall, we selected for the microfilament array to be a 3 3 3 array with microfilaments of 200 mm diameter and 1,100 mm height. Taking into account the shrinkage percentage of the chosen polyacrylamide formulation, this target geometry was achieved after desiccation of hydrated microfilaments of 300 mm diameter and 1,500 mm height.
Assessment of Skin Penetration and Healing
Finally, we performed a number of assessments to evaluate the ability of microfilaments to penetrate the skin and contact interstitial fluid. To assess the ability of the polyacrylamide microfilament sensor platform to penetrate the human skin without breaking and leaving polymer residues inside the skin, we measured the penetration and failure force. To measure the penetration force, we used human cadaver skin as a model (Wang et al., 2006; Park et al., 2005) . Full-thickness human cadaver skin was mounted on the base platen of a material testing machine equipped with a 25-lb load cell. The microfilament array was affixed to the upper platen of the mechanical tester. The array was brought into contact with the tissue, and the force for insertion was recorded. The array was then displaced in the opposite direction, and the force for removal was recorded. Mechanical failure was considered due to axial loading. Comparison of the force required to penetrate the polyacrylamide microfilaments into human cadaver skin and the force required to fracture the microfilaments, Figure 4B , demonstrates that the microfilaments provide sufficient mechanical strength to penetrate the human skin without breaking and leaving residues inside the skin. The force required to penetrate a 3 3 3 array of microfilaments into human skin is around 5 N, whereas the compressive failure force is approximately 16 N (corresponding to a compressive strength on the order of hundreds of MPa).
To demonstrate the ability of polyacrylamide microfilaments to penetrate the stratum corneum and contact dermal interstitial fluid, we applied microfilaments on the skin of live, anesthetized hairless rats. We gently pressed the microfilament arrays into the skin, secured it in position with a skin adhesive, and after one hour, removed the microfilament array and treated it with silver nitrate to detect for the presence of chloride ions from dermal interstitial fluid. Figure 4C shows localization of silver deposits to the microfilament shafts, whereas the control array, not applied to rat skin, does not indicate the presence of chloride ions. The presence of silver deposits and their localization to the shafts of the microfilaments demonstrate that chloride ions were sampled not from the superficial layer of the skin, but rather from the interstitial fluid beneath the epidermis.
To assess the healing response of the human skin after insertion and removal of PEEK microfilament arrays, we captured images of the human skin surface after device removal. Figure 4D shows images of the microfilament array penetration sites on the skin of a human subject at 5 and 35 min after device removal. The faint redness on most of the penetration sites, indicating minimal inflammation, subsided within 2 h after removal of device. (As PEEK is biocompatible and the arrays were inserted for only 10 s, the observed inflammation was likely due to mechanical trauma and would likely be similar for a gel polyacrylamide array with the same length, number, diameter, and sharpness of filaments.) Finally, histological samples of polyacrylamide microfilament insertion sites on rat skin were obtained to examine the wound healing response in vivo. Figure 4E shows a histological image at a microfilament insertion site, with a microfilament still embedded within, further confirming that polyacrylamide microfilaments penetrated the epidermis to contact the dermal layer. With regard to the wound healing response in an in vivo model, over 24 h post application, the epidermis reformed and engulfed around the microfilament, indicative of fast healing of the puncture site. As expected from the small dimensions of microfilaments, the puncture site was observed to rapidly reseal.
Steps toward Translation
To translate the proposed system to the clinic, a number of challenges must be considered. For manufacturing, the demonstrated fabrication method can be scaled up by increasing the batch size (e.g. using larger molds with more arrays and curing in a UV oven) and automating the fabrication. Sterilization of the mold and polymer precursor solution can potentially be achieved by UV germicidal irradiation (Huebsch et al., 2005) . Relating to the use of the platform, the patch is intended to be worn over the length of the desired measurement period, until the performance of the sensor has degraded due to photobleaching or until discomfort. To facilitate safe and reproducible insertion of the device, a simple applicator device could be designed in the future to apply the suitable force to penetrate the skin. Because the microfilaments are sufficiently stiff to avoid bending-induced fracture, we do not expect fragments of the microfilaments to be deposited into the skin; any small fragments lodged inside the skin, after removing the device, would reside primarily in the epidermis and be expected to be discarded via regular skin turnover within 2-4 weeks (S. Leo et al., 2014) . During the manufacturing process, the microfilaments should be thoroughly washed after polymerization to remove unconjugated aptamers; aptamers covalently attached to the hydrogel are not expected to leach into the skin. Toward the goal of extended use, the effects of sweat and bathing on the performance of the system should be studied, as well as any potential immune response (although polyacrylamide (Hadjesfandiari and Parambath, 2018) and aptamers (Zhou and Rossi, 2017) have been demonstrated as non-immunogenic). Finally, the response time in vivo should be studied to take into account the time needed for interstitial fluid to diffuse through the microfilaments (which we currently estimate would be several minutes in vivo).
Beyond the continuous in situ monitoring in humans, a microfilament platform fabricated out of biocompatible hydrogel can be used for minimally invasive collection of interstitial fluid for downstream discrete analysis (similar to minimally invasive one-step blood-collection devices (Blicharz et al., 2018) ), as the interstitial fluid sample resides within the microfilaments. Alternatively, the device could be adapted for monitoring chemical analytes in animal models to support basic science. As dermal interstitial fluid is rich with potential target analytes, the hydrogel microfilament platform could be adapted to monitor a wide variety of analytes, including electrolytes, saccharides, hormones, lactate, amino acids, proteins, enzymes, co-enzymes, triglycerides, oxygen, creatinine, urea, and reactive oxygen and nitrogen species (Ruckh and Clark, 2014; Paliwal et al., 2013) .
Conclusion
In this work, we reported a microfilament platform fabricated from polyacrylamide hydrogel conjugated with phenylalanine aptamer sensor with fluorescence readout. To enable penetration of the stratum corneum, the microfilament platform was designed to be sharp and stiff. By optimizing the polymer formulation via %AAm and AAm/MBAm ratio, we were able to fabricate polyacrylamide hydrogel microfilament arrays with a sharp 5-bevel tip that was maintained after desiccation. Further, the desiccated microfilaments exhibited high mechanical strength with the compressive failure force exceeding both the force of insertion and removal. When rehydrated, the hydrogel demonstrated good transmittance at the desired wavelengths, and the functionality of a phenylalanine aptamer sensor attached via co-polymerization was preserved. The design of the microfilament array was optimized to minimize pain during insertion while maximizing the volume of the analyte-responsive microfilaments to thereby maximize fluorescence signal. The implemented microfilament design exhibited less insertion pain than a hypodermic needle and was more comparable to a piece of Velcro. Although the functionality of only one sensor was demonstrated, the microfilament platform can be adapted for alternative analytes by incorporating other sensors functionalized with acrylamide copolymers. This work points a path forward for using hydrogel microfilaments as skin patch continuous sensors without requiring surgery.
Limitations of the Study
The main limitation of this study is the lack of validation of a fully integrated system, which would include characterization of sensor performance from the microfilaments in an in vivo animal model. Considerable work has been done on portable fluorometer development (Alam et al., 2019; Kostov et al., 2014) , such that in future studies, one of these designs could be adapted to interface with the platform presented. In addition, systematic studies of pore sizes for different polymer formulations, as well as tuning the formulation to accommodate sensing of different analytes (i.e. such that the Stokes radius of the analyte is less than 10% compared with the polyacrylamide pore radius (Deen et al., 1981) ) could be performed. Finally, we have only demonstrated incorporation of a single sensor. However, aptamers can be selected for many different targets with chemistry similar to the utilized moiety. Thus, we anticipate alternative sensors could be incorporated without loss of functionality. λ = 520 nm, the peak excitation and emission wavelengths for FAM, respectively (n=4). (C) Percent transmittance values of hydrated polyacrylamide disks at λ = 550 nm and (D) λ = 580 nm, the peak excitation and emission wavelengths for TAMRA, respectively (n=4). Data analyzed using a two-way ANOVA with Tukey post-hoc test. "ns" indicates not significant, "*" indicates significant at p < 0.05, "**" indicates significant at p < 0.01, "***" indicates significant at p < 0.001, and "****" indicates significant at p < 0.0001. Line indicates comparison between groups. Data are represented as mean ± standard deviation. (D) Box plots of VAS pain scores normalized to a 26-gauge hypodermic needle for 3x3 array with microfilaments of variable diameter (n=6). The dotted lines indicate the design that was identified as optimal for each group. Data analyzed using a one-way ANOVA with Sidak post-hoc test. "ns" indicates not significant, and "****" indicates significant at p < 0.0001. Line indicates comparison between groups.
Supplemental Tables
AAm /MBAm Ratio  15 17. Table S1 . Absorbance of polyacrylamide at 470 nm, 520 nm, 550 nm, and 580 nm, related to Figure  2B . Absorbance for polyacrylamide formulations with variable acrylamide percentage (%AAm) and ratio of acrylamide to N'N-methylenebisacrylamide crosslinker (AAm/MBAm). Data are represented as mean ± standard deviation.
Transparent Methods
Procedure for Measuring Hydrogel Absorbance
Polyacrylamide precursor solutions consisting of acrylamide (AAm) (Polysciences; Warrington, PA), 2% w/v cross-linking agent N'N-methylenebisacrylamide (MBAm) (Sigma-Aldrich, Allentown, PA), and photoinitiator 2-hydroxy-2-methylpropiophenone (Darocur 1173; BASF Corporation; Florham Park, NJ) were prepared in deionized water. Polyacrylamide disks (diameter: ~6.4 mm, thickness: ~6 mm) of different compositions (%AAm of [20, 22.5, 25, 27.5, 30] and AAm/MBAm ratios of [10, 12.5, 15, 17.5, 20] ) were cast in a 96-well flat bottom plate and photopolymerized under a collimated UV light source (365 nm, power ~1.8 mW/cm 2 ) (Omnicure series 2000; Lumen Dynamics Group; Mississauga, ON) for 10 seconds. The absorbance was then read at the peak excitation and emission wavelengths for FAM, 470 nm and 520 nm, and TAMRA, 550 nm and 580 nm, using a plate reader (Synergy H1; BioTek; Winooski, VT). The reported absorbance values of the hydrogels were computed by subtraction of the average absorbance due to the well plate surface. Percentage of transmittance values can also be inferred from the absorbance values by the following equation:
Absorbance = 2 − log 10 % Transmittance A two-way ANOVA was used to assess the significance of the %AAm and AAm/MBAm ratio. Multiple ttests with the Tukey correction was used to compare groups.
Procedure for Determining Young's Modulus and Shrinkage Percentage
Polyacrylamide disks of different compositions (%AAm of [20, 25, 30] and AAm/MBAm ratios of [15, 17.5, 20] ), cast in a 96-well plate, were desiccated and stored at room temperature for at least 2 days following polymerization to allow for complete drying prior to testing. Before performing mechanical testing, the dimensions of each disk were measured using a Vernier caliper. These measurements were used to calculate the shrinkage percentage. To measure the stiffness of desiccated polyacrylamide, compression test was performed using a materials testing machine (Instron 8841 Microtester; Instron; Norwood, MA), equipped with stainless steel platens and a 250-lb load cell. Using integrated Instron software, the platens were brought into contact with the disk sample on the stage until a 10 gf (0.098 N) preload was reached. Then compression over a displacement of 500 µm was applied at a rate of 0.001 mm/s. The integrated software was used to track the displacement of the platens and the readings of the load cell. This procedure was repeated to determine the Young's modulus for PEEK disks using a 450-lb load cell.
To determine the Young's modulus of the hydrated hydrogel, a custom unconfined compression device was used equipped with a 250-gf load cell. After reaching a preload of 2 gf, the hydrogel was compressed to 90% of the unloaded thickness at a strain rate of 0.05%.
For all samples, the Young's modulus was calculated by dividing the difference between the preload and equilibrium load by the sample area times the percent strain.
Young ′ s Modulus =
Equilibrium load − Preload Area ⋅ 1 % Strain A two-way ANOVA was used to assess the significance of the %AAm and AAm/MBAm ratio with a Tukey post-hoc test applied for multiple comparisons.
Procedure for Determining Diffusion Coefficient for 2-NBDG
Glass slides were treated with 0.48% v/v 3-(trimethoxysilyl)propyl methacrylate (TMSM) (Sigma-Aldrich; Allentown, PA) and 2.90% glacial acetic acid in ethanol for 3 minutes and then rinsed with ethanol. Polyacrylamide hydrogel with 30% AAm and AAm/MBAm ratio of 15 was polymerized to form 5 x 5 x 0.5 mm slabs on the glass slide. The hydrogel was incubated overnight in a 8 x 8 x 5 mm well containing a solution of fluorescent glucose analog 2-(N-(7-nitrobenz-2-oxa-1,3,-diazol-4-yl)amino)-2-deoxyglucose) (2-NBDG) (Thermo Fisher Scientific; Eugene, OR). Fluorescence recovery after photobleaching (FRAP) was then performed by using a confocal microscope (Leica TCS SP5 Confocal and Multi-Photon Microscope; Wetzlar, Germany). Firstly, a circular region of diameter 20 µm was bleached through the fluorescent hydrogel using 488 nm Argon laser set at 95% power. The hydrogel was subsequently images at a lower power of 6% as to avoid further bleaching. Fluorescence recovery in the bleached region was imaged every 0.229 seconds for 45 seconds, allowing for determination of the lateral transport rate, in the idealized case of pure two-dimensional diffusion monitored by a uniform circular disc profile. The diffusion coefficient is determined from an experimental recovery curve ̂, using the following equation:
where is the radius of the disc, is 0.88, and 1/2 is the time for which ̂( 1/2 ) = 1 2 .
Four separate FRAP experiments were performed for four independently prepared samples. The mean diffusion coefficient from the repeated FRAP experiments was taken to represent the sample, and the mean and standard deviation of the independently prepared samples were computed.
Fabrication of PEEK Microfilament Arrays for Human Subject Assessment
Microfilament arrays were designed using SolidWorks CAD Software (SolidWorks, Concord, MA) and fabricated via CNC milling of polyether ether ketone (PEEK) (McMaster-Carr; Robbinsville, NJ), a medical-grade biocompatible plastic with high mechanical strength, using Haas MiniMill 4x (Haas Automation; Oxnard, CA). Each array has a diameter of 7 mm and contains 1, 4, or 9 microfilaments in a 1x1, 2x2, or 3x3 configuration; the microfilaments are 500, 800, 1100, or 1400 µm tall, 100, 150, or 200 µm in diameter, have a 74° diamond-shaped bevel, and are spaced 1500 µm apart tip-to-tip. To sterilize, each microfilament array was disinfected by sonication in two fresh baths of 70% ethanol, air-dried, and steam sterilized at 121°C for 30 minutes. After sterilization, the PEEK microfilament devices were left in the sealed pouch in a sterile environment until use.
Pain Assessment and Healing Response in Human Subjects
All pain assessments on human subjects were approved by the Institutional Review Boards at Columbia University Medical Center, and research was carried out with informed consent from the subjects. Human subjects were recruited form the students and staff population at Columbia University. Susceptibility to hypodermic scarring was used as the subject exclusion criterion. Overall, 6 males and 9 females (ages 19-56) participated in this study. The level of pain experienced due to the application or insertion of the device in question was measured using the visual analogue scale (VAS), as previously described (Hawker et al., 2011) . Controls for this experiment include: 26-guage hypodermic needle as the positive control, a flat circular surface of PEEK rod of 7 mm diameter as the negative control; and the hook surface of a hook-and-loop fastener as a comparison. Application or insertion of the device was performed manually on randomized locations of the subject's volar forearms, previously cleaned with isopropanol swabs by the investigator. All experiments began with the insertion of the PEEK microfilament array, the negative, and the positive controls to help the subjects calibrate their response to the range of sensations to be encountered on the VAS scale. Each treatment lasted ~10 seconds, and the pain level indicated on the VAS scale by the subject for each treatment was recorded. All insertions were performed in triplicate for every subject, and in random sequence. For each subject, average raw VAS pain score for each of the devices assessed were calculated and normalized to the average raw hypodermic 26-guage needle pain score to account for the variability in a subject's perception and to provide a common reference point.
